is a compact high-speed imaging technology which uses infrared light to acquire cross-sectional images of tissue on the micrometer scale. Because OCT images are based on the optical backscattering properties of tissue, changes in tissue optical properties due to surgical laser ablation should be detectable using this technique. In this work, we examine the feasibility of using real-time OCT imaging to guide the placement and observe the dynamics of surgical laser ablation in a variety of tissue types.
Background. Optical coherence tomography (OCT)
is a compact high-speed imaging technology which uses infrared light to acquire cross-sectional images of tissue on the micrometer scale. Because OCT images are based on the optical backscattering properties of tissue, changes in tissue optical properties due to surgical laser ablation should be detectable using this technique. In this work, we examine the feasibility of using real-time OCT imaging to guide the placement and observe the dynamics of surgical laser ablation in a variety of tissue types.
Materials and methods. More than 65 sites on five ex vivo rat organ tissue types were imaged at eight frames per second before, during, and after laser ablation. Ablation was performed with a coincident continuous wave argon laser operating at 514-nm wavelength and varying exposure powers and durations. Following imaging, tissue registration was achieved using microinjections of dye followed by routine histologic processing to confirm the morphology of the ablation site.
Results. High-speed OCT imaging at eight frames per
INTRODUCTION
The surgical laser has been effective in the surgical suite because it provides a cutting and coagulation tool with controllable powers, a compact, flexible fiber-optic delivery system, and wavelength-and tissue-specific cutting efficiencies [1, 2] . Lasers are becoming standard instruments for the ablation of endometrial foci of the reproductive tract [3] , interstitial laser ablation of tumors [4] , and surgical ophthalmologic procedures [5, 6] . While laser use has been widespread, control and dosimetry of the delivery of laser radiation have relied largely on visual feedback of the surface ablation site. This is a limitation which, by not allowing full visualization of the location and extent of subsurface tissue ablation, has the potential to result in iatrogenic injury.
Advancements in high-resolution image-guidance technologies coupled with the ability to tightly focus a laser beam would permit precise ablation of tissue, such as a neoplasm, while minimizing collateral injury.
Currently, however, no intraoperative imaging technique exists with sufficient resolution to guide the placement and fast acquisition rates to image the dynamics of surgical laser ablation. Magnetic resonance imaging and computed tomography can image whole body and organs, but have resolutions between 500 m and 1 mm, insufficient to resolve tissue microstructure. In addition, their use for high-speed intraoperative image guidance is limited by size, cost, and complexity [7] . Ultrasound imaging can be performed intraoperatively, either noninvasively or with endoscopic ultrasound probes, but resolutions are typically no higher than 100 m and physical contact or an indexmatching medium is required [8] . A compact, highresolution, high-speed imaging technique capable of monitoring tissue coagulation, cutting, and ablation intraoperatively at a localized site would permit imageguided surgical laser procedures to be monitored for controlled therapy and subsequent reduction in iatrogenic injury.
Optical coherence tomography (OCT) 3 is a recently developed micron-scale, real-time imaging technology [9] . OCT is analogous to ultrasound, measuring the intensity of backreflected infrared light rather than acoustic waves. OCT was first applied clinically to image and track retinal diseases in the transparent structures of the human eye [10] . Recently, OCT imaging has been developed for imaging nontransparent tissues [11] [12] [13] . Imaging depths are limited to a few millimeters because of optical attenuation due to absorption and scattering; however, these imaging depths are sufficient for many diagnostic applications including performing may types of intraoperative monitoring. Studies have shown the feasibility of using OCT as a surgical diagnostic tool [14] and for intraoperative monitoring of microsurgical anastomoses of vessels and nerves [15] . In vivo studies have been performed in an animal model which demonstrate the feasibility of catheter-endoscope-based OCT imaging of internal organ systems including the gastrointestinal and pulmonary tracts [16] .
Several features, in addition to high resolution, make OCT attractive for guiding surgical ablation. First, OCT imaging is fiber based, allowing it to be readily integrated with hand-held surgical probes, laparoscopes, catheters, and endoscopes [17] . Second, unlike ultrasound, OCT imaging is noncontact and can be performed through air. Third, OCT systems are compact and portable, an important consideration for the operating suite. Finally, OCT imaging is performed at high speeds, allowing image data to be acquired rapidly over large regions of tissue.
The pathologic effects of laser-induced hyperthermia within biological tissue [18] and the thermal and mechanical effects of laser tissue ablation have been previously analyzed and well characterized [19] . The majority of studies, however, have used histological preparations at single time points to document the tissue changes that occur. Dynamic changes in tissue optical properties have been characterized [20, 21] , but have relied on spectroscopic transmission and reflection data rather than image data. OCT has been used to characterize the changes in the retina following laser injury; however, images were acquired at 5-s intervals [22] . In tissues exhibiting birefringence, such as muscle and tendon, polarization-sensitive OCT has been used to detect birefringence changes following thermal heating [23, 24] . Birefringent changes may indicate early thermal injury, but detection is limited to specific tissue types. No studies have been performed using high-speed OCT to image real-time changes in optical backscatter in highly scattering tissues during laser ablation.
In this study, we investigate the feasibility of using high-speed OCT imaging to guide the placement and follow the dynamics of surgical laser ablation. Argon laser ablation at 514 nm, a wavelength frequently used surgically, is performed in five different ex vivo rat organs to assess OCT imaging performance and variations between tissue types. The use of OCT to monitor ablative therapy in real time may enable more precise control of laser delivery and a reduction in iatrogenic injury.
MATERIALS AND METHODS
Optical coherence tomography. Optical coherence tomography is a technique for performing high-resolution imaging in biological tissue [9] . OCT is somewhat analogous to ultrasound B-mode imaging except backreflections of light are detected rather than acoustic waves. Whereas ultrasound pulse propagation can be measured electronically, the echo time delay of light used in OCT imaging cannot be measured directly because the velocity of light is extremely high and the resulting echo delays are extremely short. Therefore, in OCT, a technique known as interferometry is used. This technique measures the magnitude and echo time delay of reflected or backscattered light by comparing the reflected light beam to a beam which travels a reference path of known delay. Figure 1 shows a schematic of the OCT system. The OCT system uses a fiber-optic implementation of a Michelson-type interferometer [9] . A laser or other light source with a broad spectral bandwidth (short coherence length) is coupled into the fiber-optic interferometer and split by a fiber coupler into a sample arm and a reference arm. A high-speed optical delay line is used in the reference arm to vary the optical path length of the reference arm. The optical beam from the sample arm of the interferometer is directed onto the object or specimen to be imaged. Light is backreflected or backscattered from microstructural features internal to the specimen and has a different echo time delay depending on its depth. When the echo time delay of the light from the specimen matches the echo time delay of light traveling the reference path to within the coherence length of the light, interference is detected at the output of the interferometer. The interference is detected by a photodetector and demodulated electronically to give a measurement of the magnitude and echo delay of backscattered light. A pair of steering mirrors controlled by galvanometer actuators is used to scan the OCT imaging beam across the specimen. By measuring the magnitude and echo delay of 3 Abbreviation used: OCT, optical coherence tomography. backscattered light at different transverse positions on the specimen, a two-dimensional data set is generated which represents the backscattering through a cross-sectional plane of the specimen. This data set is displayed as an image using a gray-scale or false-color representation.
The axial resolution of the imaging is determined by the coherence length of the light source. The coherence length is inversely proportional to the spectral bandwidth; therefore, light sources with a broad spectral bandwidth will enable high resolutions. The studies reported here were performed using a commercially available lowcoherent light source which is based on a super-luminescent diode/ amplifier (AFC Technologies Inc., Hull, Quebec, Canada). Other sources of low-coherence light can also be used including superluminescent optical fiber sources or short-pulse lasers. The light source used for these experiments had a center wavelength of 1.3 m and a free space axial resolution of 18 m. The axial resolution was determined by measuring the point spread function from a mirror placed at the sample position in the OCT apparatus. The transverse resolution was determined by the spot size of the incident beam within the tissue. The spot size was 30 m which yielded a 1.1-mm confocal parameter (depth of field). The confocal parameter for the beam was selected to closely match axial and transverse resolutions while maintaining a sufficient depth of field.
The signal-to-noise ratio was 115 dB using 5 mW of incident power on the specimen. For typical tissues, this sensitivity permits imaging to depths up to 3 mm. A single axial scan was acquired for every sweep of the optical delay line in the reference arm. For high-speed image acquisition, the length of the axial scan was 3 mm and 256 pixels were acquired during each axial scan, corresponding to an axial pixel sampling distance of 11.7 m/pixel. Images were generated by assembling adjacent axial scans to form a two-dimensional cross-sectional image of the optical backscatter from within the specimen. A total of 256 axial scans were acquired across a transverse distance of 3 mm, corresponding to a transverse pixel sampling distance of 11.7 m/pixel. Images were displayed as the logarithm of the backscattered intensity versus position in gray scale on a computer monitor and simultaneously recorded to Super-VHS video tape. The acquisition rate was eight frames per second or 125 ms for each image.
Laser ablation was performed using a continuous wave argon laser operating predominantly at a wavelength of 514 nm. As shown in Fig. 1, 1-3 W of output power from the argon laser was coupled into a fiber and focused to a 0.8-mm-diameter spot on the tissue surface. The argon beam was aligned and centered within the OCT imaging plane. A mechanical shutter was used to control the argon laser exposures on the sample. Prior to laser ablation, each specimen was manipulated under OCT image guidance to locate a relatively uniform region of tissue for the ablation site. During exposures, both the argon beam and the specimen remained stationary. This setup permitted image acquisition immediately prior to and after exposure to track the optical changes occurring within the tissue during laser ablation.
Specimen preparation and imaging. Sprague-Dawley rats were euthanized with 42 mg/kg intraperitoneal injections of phenobarbital (Nembutal). Rat organs including brain, liver, kidney, lung, and rectus abdominis muscle were immediately resected, placed in 0.9% saline, and stored at room temperature prior to imaging. More than 65 sites on five ex vivo rat organ tissues were OCT imaged. A three-dimensional micron-precision computer-controlled stage was used to position the specimen under the OCT imaging beam and was used to acquire three-dimensional data sets. Argon laser ablation was performed at discrete sites on the organs using varying argon powers and exposure durations. Immediately following image acquisition, the location of the image plane was marked with India ink for registration between OCT images and histology. Specimens were placed in a 10% buffered solution of formalin for standard histological preparation. Histological sections, 5 m thick, were sectioned
FIG. 1.
Optical coherence tomography schematic. OCT uses a fiber-optic interferometer to localize optical backreflections from within tissue. Two-and three-dimensional subsurface images are generated by scanning the beam across the tissue. Images can be acquired at eight frames per second and saved either digitally or to Super-VHS tape. OCT imaging is coincident with a continuous wave argon laser to monitor the dynamic effects of laser tissue ablation. SLD, super-luminescent diode.
and
RESULTS
Before performing dynamic imaging studies, a single ablation site was imaged and thoroughly investigated to determine what optical changes within tissue, following laser ablation, were detectable with OCT. A 10-s, 3-W argon laser exposure was used to form an ablation crater in rat rectus abdominis muscle. The specimen was then translated on a multiaxis translational stage to perform 3-D imaging of the crater. Sixty cross-sectional images were acquired at 100-m intervals to produce a 3-D data set. One projection from this data set is shown in Fig. 2A . The deep crater can be seen in the center of the projection. Surrounding the crater is an elevated region of damage which decreases radially outward from the center.
A sequence of cross-sectional images from this data set is shown in Fig. 2B . These provide information on the depth-and distance-dependent distribution of the thermal energy. The number in each image refers to the distance from the center of the crater at which the cross-sectional image was acquired. At a distance of 3.75 mm from the center, small distortions in the muscle layers (arrow) are observed, although little change has occurred at the tissue surface. At 3.0 mm, thermal injury has elevated the tissue surface and distorted an internal low-backscattering layer. At 2.25 mm, a region of increased optical backscatter has appeared. This region appears deeper in the 1.5-mm section. At 0.75 mm from the crater center, carbonization of the tissue results in significant shadowing of underlying structures. A cross-section through the center of the crater is shown in the last image. The vertical bands of low backscatter adjacent to the crater are due to shadowing by the vertical crater walls which are lined with carbonized tissue. Carbonized tissue scatters and absorbs the incident light, decreasing imaging penetration.
Surrounding the deep crater in Fig. 2A lie concentric rings of tissue damage. These are the result of a radial thermal distribution outward from the site of the incident beam. The differences between each ring are likely the result of different thermal damage mechanisms, if one assumes the tissue is homogeneous. To optimally assess these radial distributions, the 3-D data set is resectioned in the en face plane, as would be viewed from the surface and with increasing depth into the tissue. Resectioned slices are shown in Fig. 2C . The number in each figure refers to the depth of the reconstructed plane from the surface. The shallow planes (150 -600 m) show some empty spaces (lower white regions) because the axes of the tissue block were not exactly orthogonal to the translation stage axes. The image at 150 m shows a relatively uniform ring consistent with the elevated region appearing in the 3-D projection of Fig. 2A . At greater depths (450 -900 m), however, a multiple-ring pattern is evident, possibly indicating different zones of tissue damage. An alternative explanation may be a concentric elevation of birefringent tissue layers presenting as regions of low and high optical backscatter. At a depth of 1350 m, the crater bottom is approached and the concentric rings have diminished. At 1500 m, the region of high backscatter in the center represents tissue immediately below the crater bottom and the white ring of reduced optical backscatter is due to the attenuation of the incident beam by the carbonized tissue lining the nearly vertical crater walls.
Ablation dynamics represented as changes in optical backscatter within the OCT images are shown in the remaining figures. Figure 3 is an image sequence showing thermal injury in kidney tissue from 1-W, 3-s argon laser exposure. The OCT images illustrate the relatively homogeneous nature of the outer cortex of the kidney. Imaging penetration in this tissue is limited to Ϸ1 mm. An increased region of optical backscatter is first observed at 0.1 s. This is followed by an outward propagating front of increased backscatter shown at 0.6 s. A region of low backscatter develops at the center of the lesion (1.6 s). Backscatter from this region then increases over time (3.0 s). This exposure was below the threshold for surface membrane rupture, tissue ejection, and crater formation. Based on empirical ablation observations, membrane rupture would likely have occurred within the following second if the exposure had continued. OCT image guidance and feedback enabled laser exposure to be terminated immediately prior to membrane rupture. The corresponding histology is also shown, indicating a region of coagulated tissue (arrows) with no tissue fragmentation.
The ablation threshold at which tissue is ejected is documented by a sequence of images showing thermal injury in rat liver. A superthreshold ablation sequence with corresponding histology is shown in Fig. 4 . The exposure is allowed to continue for 6 s, resulting in ejection of tissue and crater formation. The changes in optical backscatter observed prior to membrane rupture are similar to those observed for the subthreshold exposure in Fig. 3 . The superthreshold histology shows marked tissue ablation and fragmentation within the lesion crater. Below the crater extends a zone of coagulated tissue (arrows) which is not fully imaged with OCT due to the poor imaging penetration through the carbonized crater wall.
In contrast to the ablation of tissues such as liver and kidney which have a high absorption coefficient at argon laser wavelengths, Fig. 5 shows the ablation of brain tissue. The lower absorption coefficient implies that longer exposure durations are required for the same incident power to produce similar effects. This trend was observed for 1 W incident on brain tissue for 20 s. In this sequence, significant vacuolization and tissue heating occur (5.5-13 s) before the surface membrane is ruptured at 14 s. Membrane rupture is followed by ejection of tissue from the lesion, evolution of a smoke plume (16 -17 s), and crater formation (20 s). Figure 6 shows the ablation of lung tissue. Inflated air-filled alveolar spaces represent a large portion of the tissue space making this tissue more inhomogeneous compared to previous specimens. A 1-s exposure of 1-W argon collapses most of the alveoli (0.5-1.0 s) resulting in the rapid deflation of the lung followed by the formation of a shallow crater.
DISCUSSION
We have demonstrated the use of high-speed, realtime OCT imaging for guiding the placement and monitoring the dynamic changes of surgical laser ablation in a variety of tissues. OCT performs high-resolution, cross-sectional imaging and also gives information on the optical scattering properties of tissue. Reflections and optical backscattering occur in tissue due to differences in index of refraction and organization of tissue microstructure including architectural morphology and cellular and subcellular organization. OCT can accurately monitor distributions of ablative damage because the thermal injury disrupts the normal optical properties of the tissue. These changes were illustrated in Fig. 2. In Fig. 2B , the left side of the image at 3.75 mm shows normal rectus abdominis muscle. The layered structure of the muscle is disrupted near the ablation site and replaced by a more homogeneous region. The concentric rings of tissue damage in Fig. 2C show interesting patterns corresponding to the radial distribution of thermal energy, whereas normal tissue would show a relatively homogeneous pattern at each depth.
Carbonization at the surface of the tissue is an undesirable effect which hinders controlled surgical ablation. This effect also represents a limitation for OCT imaging. The high temperatures char tissue, creating a carbonized layer at the surface which rapidly absorbs and scatters both the incident argon and OCT imaging beams. Because of this, OCT imaging penetration is reduced and shadowing artifacts, identified by vertical low-backscattering streaks, appear in the images (Fig.  2B, 0 mm) . Fortunately, tissue carbonization is limited to applications of continuous high-power irradiation and studies have identified laser parameters and operative procedures to reduce this effect [25] .
The tissue response to thermal injury is highly dependent on the wavelength of the incident light and the tissue absorption coefficient. We have demonstrated OCT imaging in a variety of tissue types to illustrate this effect. Hemoglobin is one of the dominant absorbers of visible wavelengths in biological tissue [26] . For the same incident argon power (1 W), the hemoglobinrich rat liver and kidney (absorption coefficients a ϭ 12 and 1.21 cm Ϫ1 , respectively) exhibited vacuolization, ablation, and surface membrane rupture within 1-3 s compared to 14 s for brain tissue ( a ϭ 0.19 cm Ϫ1 ). This is important clinically because often it is difficult to predict the tissue response to incident laser radiation. Absorption and scattering coefficients, which vary between tissue types, will vary the efficiency of laser ablation. The use of OCT imaging in Fig. 3 provided   FIG. 6 . Lung ablation. Ablation sequence from 1-W, 1-s argon exposure. Air-filled alveoli spaces are clearly evident demonstrating morphological differences from more solid organs. Thermal laser ablation rapidly coagulates lung tissue and deflates alveolar spaces. Bar represents 1 mm. feedback to terminate laser ablation prior to membrane rupture and tissue ejection, demonstrating the ability to monitor tissue response during laser ablation.
The resolutions of OCT are sufficient to resolve changes in optical backscatter and identify regions of ablated tissue. However, the kidney, liver, and brain specimens appear relatively homogeneous at the current resolutions of OCT. Improvements in resolution will improve the ability to identify tissue microstructure and detect more subtle thermal damage in these tissues. The axial and transverse resolutions in OCT are independent. The axial resolution is inversely proportional to the bandwidth of the optical source. Hence, larger spectral bandwidths can improve axial resolution. Axial resolutions as high as 1.9 m have been achieved using broader bandwidth laser sources at shorter wavelengths near 800 nm [27, 28] . Shorter wavelengths, however, are absorbed and scattered more in biological tissue, resulting in decreased imaging penetration. The transverse resolution is determined by the beam-focusing optics. Higher transverse resolutions are possible, but at the expense of decreased depth of field. New laser sources and imageprocessing techniques for improving imaging resolution are topics of active investigation.
The eight frames per second acquisition rate used in this study was sufficient to image the dynamic changes during thermal ablation. More rapid events, such as membrane rupture and tissue ejection, occurred on time scales too fast for OCT imaging. Still, OCT has utility for image guidance of faster processes because OCT can image the integrated effects of ablation. It is not surgically important to capture explosive or disruptive effects on faster time scales as long as the resultant effects can be accurately monitored. Nonetheless, OCT imaging at faster rates is interesting for investigational purposes. Video rate acquisition (30 fps) is possible by either reducing the image size or scanning the optical delay line faster. A resonant scanner can be incorporated into the delay line; however, the nonlinear sinusoidal output would require real-time signal and image processing to correct the images.
The use of an argon laser for surgical ablation is only representative of a broad range of interventional techniques that can be guided using OCT. The 514-nm wavelength of the argon laser is close to the 532-nm wavelength frequently used for tissue cutting and coagulation during surgery and is readily absorbed in tissue. In principle, OCT can be used with other surgical laser wavelengths and with both pulsed and continuous wave laser systems. Because these techniques are optic based, there is potential for integration into a single system with coincident beams for imaging and surgery. In addition, the fiber-optic-based design of OCT allows compact delivery and permits OCT imaging to be integrated with scalpels, scissors, and biopsy forceps. Real-time OCT imaging with these integrated devices could be used to guide the operator in order to avoid injury to sensitive tissue structures such as adjacent nerves, to differentiate tissue or tumor boundaries, or to guide the operator toward specific morphologies. These integrated systems are currently under investigation.
OCT guidance during surgical interventions has a wide range of application across surgical specialties. Because of the micron-scale resolutions afforded by OCT, not only surgical image guidance, but also intraoperative diagnostics of surgical tissue without having to physically resect or biopsy specimens may be possible. Neurosurgery and cardiovascular surgery are two specialties where OCT may be most helpful [29] . Identification and surgical treatment of pathologies must be performed with minimal tissue resection, sparing sensitive adjacent tissue. The single optical fiber delivery of the OCT beam is suitable for integration with minimally invasive techniques. Fiber-based OCT imaging may be possible at physically restrictive sites frequently encountered in the head and neck, the lower respiratory tract, the fallopian tubes, and within the vascular system [30] .
In conclusion, these results demonstrate the ability of high-resolution, high-speed OCT to guide the placement of laser ablation sites and image the dynamic changes that occur during thermal tissue ablation. These results suggest that OCT may play a role in image-guided surgical procedures. Future in vivo studies are necessary to demonstrate the performance of OCT during intraoperative scenarios.
